Background: Computational Fluid-Particle Dynamics (CFPD) models have been employed to predict lung aerosol dynamics for decades, estimating the delivery efficiency of inhaled drugs into the tracheobronchial tree. However, existing CFPD models assume the glottis is static during the breathing cycle. Failing to capture the dynamic motion of the glottis may introduce significant errors in drug deposition estimations. Methods: A novel CFPD model was developed with the capability of modeling the glottis motion using the dynamic mesh method. To explore the causal relationships between the glottis motion and the inhaled drug particle dynamics, simulations were performed to compare static and different dynamic glottis models in a subjectspecific mouth-to-trachea geometry under idealized sinusoidal and realistic breathing waveforms. By defining the movement of each node in the glottis region using a generalized glottis motion function (GGMF) validated with clinical data, the abduction and adduction of the glottis were accurately described. Transient transport characteristics of inhaled particle-laden airflows were investigated and analyzed, including the glottis motion effect on the inhaled particles with the aerodynamic diameters from 0.1 to 10 μm.
Introduction
According to the National Vital Statistic Report [1] , Chronic Obstructive Pulmonary Disease (COPD) and other restrictive and obstructive lung diseases are global severe health problems with rising prevalence and treatment costs [1, 2] . As the primary drug delivery methodology, non-invasive delivery of pharmaceutically related aerosols through inhalation is increasingly popular for the treatment of COPD, asthma, allergies, and influenza [3] . Aerosolized drug delivery will transport medications to the sites of action without reducing bioavailability [4] . However, conventional aerosol drug delivery using uncontrolled drug particle shapes is inefficient, with a large amount of the therapeutic depositing in the mouth-to-trachea region and an overall low dosage delivered to the designated lung sites, i.e., small airways. Given the fact that existing pulmonary drug delivery approaches allow a major fraction of aggressive medications to deposit on healthy tissue, it is critical to developing new inhalable targeting methods to avoid drug particle deposition from mouth to trachea. This will enable higher delivery into the tracheobronchial tree to enhance the therapeutic outcomes, eliminate undesired side effects, and reduce healthcare costs.
To improve aerosol drug delivery, accurate predictions of drug particle transport and deposition in human respiratory systems are critically needed, especially in terms of how breathing patterns and drug particle sizes in tandem can influence the drug delivery efficiency to the small airways. To address the deficiencies mentioned above, researchers have been employing computational fluid-particle dynamics (CFPD) to investigate the transport phenomena of airflow and inhaled aerosols in human pulmonary routes for decades [5] [6] [7] [8] [9] [10] . Compared to in-vitro and in-vivo methods, CFPD models are time-saving and cost-effective. Properly validated, they can provide high-resolution results of and new physical insight into the transport and deposition of respirable therapeutic and toxic particulate matters (PM) in human respiratory systems [11] [12] [13] . Recently, Mortazavy et al. [14] applied a CFPD model to simulate sneezing scenarios in a subject-specific upper airway model. They simulated steady-state airflows, which simplified the dynamic transient sneezing event by using constant expiratory flow rates. Yeom et al. [15] combined CFD and finite element analysis (FEA) methods to study the airflow structures in three upper airway models reconstructed normal-mild, moderate, and severe patients suffering from obstructive sleep apnea (OSA), respectively. They also applied a machine learning approach to predict airflow structures based on CFD-FEA results. Employing both using Large Eddy Simulation (LES) and Reynolds-Averaged Navier-Stokes (RANS) models, Koullapis et al. [16] predicted and compared regional aerosol depositions in human airways. Their results show that the transport and deposition predictions of ultrafine particles are sensitive to the selection of turbulence models. Other computational lung aerosol dynamics efforts longer ago are well discussed and documented in several review papers [17, 18] . Early CFPD studies [19] [20] [21] [22] [23] have shown the significant influence of the glottis aperture on the accuracy of predicting pulmonary airflow velocity, pressure fields, and the resultant particle deposition. Despite this known significance, most existing CFPD models of the human airway assume the glottis is static during the breathing cycle and neglect the dynamic glottis abduction and adduction. This failure to incorporate the physiologically realistic motion in the mouth-to-trachea region may influence the accuracy of simulation results.
To date, limited efforts have been made to understand the glottis motion and its effect on pulmonary airflow patterns, either clinically or using CFPD simulations. According to those studies, the variation of glottis opening may significantly influence the efficacy of pulmonary drug delivery. For example, Scheinherr et al. [19, 20] clinically visualized the glottis abduction and adduction associated with different breathing intensities for both male and female volunteers. They found that the vocal fold will open more with the increase of inspiratory flow rate, while it becomes narrower with the increase of expiratory flow rate. The only numerical study with the glottis motion in existing studies was performed by Xi et al. [24] , which focuses on understanding how glottis motion can influence the airflow patterns using dynamic mesh and Large Eddy Simulation (LES). Besides, the magnetic resonance imaging (MRI) technique was used by Bates et al. [25] to capture the in vivo motion of the mouth-to-trachea region, which potentially facilitates the optimization and validation of the CFD simulations of airway deformations. Experimentally, Kourmatzis et al. [26] investigated how the upper airway deformation can influence the drug particle deposition using a Next Generation Impactor (NGI) and deformable silicone airway cast. Experimental findings suggest that the lateral upper airway deformation does affect the particle deposition.
Still absent from literature is the systematic understanding of how glottis motion will influence inhalable therapeutic particle dynamics and targeted delivery efficiency in human respiratory systems. Therefore, the research objective of this study is to (1) capture the unique glottis motion using the dynamic mesh method with a generalized glottis motion function (GGMF), and (2) evaluate the significance of the glottis motion on the pulmonary airflow and particle transport phenomena associated with different breathing waveforms. To the best of our knowledge, this is the first time that a GGMF has ever been developed and validated with clinical data [19, 20] . It is also the first research to investigate the dynamic glottis (DG) motion effect on the accuracy of inhaled therapeutic particle deposition predictions compared with the CFPD model with the static glottis (SG) assumption. In detail, two types of DG models were performed, including the idealized sinusoidal dynamic glottis (IDG) motions and the realistic dynamic glottis (RDG) motions [19, 20] . Parametric analyses were done based on the CFPD simulation results using a subject-specific mouth-to-trachea model. At different breathing flow rates, significant influences were discovered between SG and DG cases in terms of airflow structures, i.e., laryngeal jet and turbulence kinetic energy (TKE), as well as the characteristics of particle transport and depositions. Numerical results demonstrate the importance of physiological correctness of glottis motion associated with realistic drug particle inhalation patterns. The GGMF developed in this study not only improves the fundamental understanding of how physiologically realistic glottis motion can influence the inhaled particle dynamics but also offers a more realistic and accurate CFPD model that can benefit the optimization of subject-specific pulmonary targeted drug delivery. Such advances to CFPD based models are essential to the development of more efficient treatments for restrictive and obstructive lung diseases, with minimized side effects due to the unnecessary drug deposition on healthy tissues.
Methodology

Geometry and computational mesh
A subject-specific mouth-to-trachea geometry was employed in this study [27] . More details of the subject-specific respiratory system are shown in Fig. 1 and in other publications [13, 28] . The origin (0, 0, 0) is at the center of the mouth opening, which is a disk with 20 mm in diameter. The trachea was extended to avoid flow recirculations over the outlet boundary condition. In the mouth-to-throat model, the dynamic glottis region spans from x¼ 0.074 m to x¼ 0.094 m (see Fig. 1 ). The vocal fold locates at the plane x¼ 0.084 m with the maximum displacement. The finite volume mesh consists of unstructured tetrahedral elements with 6 near-wall prism layers, which was generated using ANSYS Fluent Meshing (ANSYS Inc., Canonsburg, PA). The mesh independence test has been performed to determine the final mesh with the optimized balance between computational accuracy and efficiency [28] . The final mesh contains approximately 4.4 million cells and 1.3 million nodes. Six near-wall prism layers were generated and refined to guarantee the thickness of the first prism layer satisfies y þ <1, where y þ is the dimensionless wall distance [29, 30] . The maximum skewness of the final mesh elements is 0.67, with a maximum aspect ratio of 22.4.
Generalized glottis motion function (GGMF)
The dynamics of the glottis motion was modeled based on available clinical measurements [19, 20] . Clinical data [19, 20] has shown that the anterior-posterior length at the vocal fold remains constant. At the beginning of the simulation, i.e., the start of the inspiration (see Fig. 1 at t ¼ t 1 ), the width of the glottis is always at its neutral position. For an idealized glottis motion, the glottis expands during the first half of the inspiration cycle and reaches its maximum width at the peak inhalation flow rate. Then, it starts to contract to its neutral position during the second half of the inspiration cycle. Similarly, during the expiration cycle, the glottis contracts to its minimum width at the peak expiratory flow and expands back to its neutral position at the end of a breathing cycle. Based on the fact that the displacement of each surface mesh node is a function of both time and space in the dynamics glottis region, a generalized function (i.e., GGMF) was proposed to capture the glottis motion. The GGMF is defined as
where y r;0 is the initial y-coordinate of the surface mesh node, and d g;r is the deformation ratio between maximum glottis width and the glottis width at the neutral position (see Fig. 1 ). x 1 and x 2 are 0.074 and 0.094 m, respectively. The nodal displacement function gðtÞ is a timedependent Fourier series defining the nodal motion. It is worth mentioning that gðtÞ can be simplified to a sinusoidal function to simulate the idealized glottis motion in this study (see Fig. 2 (a) ). Furthermore, fðxÞ describes the motion of the glottis region along the xdirection to achieve a smooth transition from the maximum vocal fold deformation ( [19, 20] are shown in Fig. 2 (a) -(c). Specifically, The exponent index m is equal to 4.0. An example is shown in Fig. 1 , where the variations of the cross-sectional area of the vocal fold are associated with an idealized sinusoidal breathing waveform.
Computational fluid-particle dynamics (CFPD) model
Continuous phase
The Transition Shear-Stress Transport (SST) model [30] was employed to predict the laminar-to-turbulence transitional airflow regime in the mouth-to-trachea geometry. The accuracy of the Transition SST model has been experimentally validated by previous studies [11, 13, 27] . Specifically, the conservation laws that govern the pulmonary airflow transport are given as Fig. 1 . The mouth-to-trachea geometry and dynamic glottis modeling framework using the generalized glottis motion function (GGMF).
where u i represents the averaged air velocity component in the i-direction, g i is the gravity, p is the pressure, and μ t is the turbulent viscosity.
Particulate phase
A one-way coupled Euler-Lagrange approach was employed to predict the trajectory of each particle via mouth inhalation [13] . Particles were assumed to be spheres with constant aerodynamic diameters (0:1 μm � d p � 10 μm), and the particle density was set to 1000 kg/m 3 [31, 32] . The particle volume fraction at the injection plane is less than 1%. Therefore, the particle-particle interactions are neglected. The translational motion of each particle was obtained by solving the reduced Maxey-Riley equation [33] . Specifically, to determine the particle velocity u P i and position x P i [28] , the following equations were discretized and solved numerically, i.e.,
where m P is the particle mass, F D i is the drag force [34] ,
is the random force induced by Brownian motion [12, 35] , F T i is the force induced by turbulence [36] , and F L i is the Saffman lift force [37] . The particle relaxation time was estimated based on the previous work [13] .
Particle depositions in the mouth-to-trachea geometry can be quantified using the regional deposition fraction (RDF) [13] , which is defined by
RDF ¼
Number of particles deposited in a specific region Number of particles released at the mouth (8)
Numerical setup
Breathing profiles and glottis motions
The idealized sinusoidal velocity profile employed in this study at the mouth opening can be given as [19] 
where v p ¼ 2.0 m/s is the peak inspiratory velocity magnitude and T c ¼ 2.6 s is the period of a full breathing cycle. Two realistic breathing patterns were also employed, which were obtained from clinical measurements [20] . The transient velocity magnitude was defined by Fourier series, i.e.,
The values of the coefficients in Eq. (10) are listed in Table 1 . To evaluate the glottis motion effects on airflow pattern and particle transport, both dynamic and static glottis scenarios were simulated with identical breathing patterns. For the sinusoidal breathing pattern [19] , the dynamic glottis motion was approximated by the simplified Eq. (3), i.e.,
Both realistic and idealized dynamic glottis, as well as static glottis were studied based on the clinical data [19, 20] . Table 4 ). The idealized and realistic glottis motions associated with different breathing waveforms are also displayed in Fig. 2 (a)-(c) and Tables 1-3 . The time-dependent glottis motions with realistic and idealized profiles were simulated using Eqs. (3) and (11), respectively. The values of T c and d g;r for each case are listed in Table 2 . The coefficients in Eq. (3) are listed in Table 3 . The flow time step size is 0.001 s. During the first 5 time steps of the inspiration, a total of 50,000 particles were injected through the mouth (10,000 particles at each time step) for each particle size.
Numerical model
The governing equations (Eq. (4)- (7)) were solved using a finitevolume based commercial program, ANSYS Fluent 2019 R1 (ANSYS Inc., Canonsburg, PA). The pressure outlet boundary condition was applied to the downstream outlet of the extended trachea. In-house userdefined functions (UDFs) were developed and compiled for (1) Simulating the real-time glottis abduction and adduction motion, (2) Specifying transient inhalation and exhalation profiles at the mouth front, (3) Recovering the anisotropic corrections on turbulence fluctuation velocities [38] , (4) Modeling the Brownian motion induced forces on particles [13, 39] , and (5) Post-processing particle transport and deposition in the mouth-to-trachea region. Numerical simulations were performed on a local Dell Precision T7810 workstation (Intel® Xeon® Processor E5-2643 v4 with dual processors, 64 cores and 128 GB RAM) and a local Dell Precision T7910 workstation (Intel®Xeon® Processor E5-2683 v4 with dual processors, 64 cores, and 256 GB RAM). Using 32 cores, the dynamic glottis simulation with the 2.6-s breathing waveform (see Fig. 2 (a) ) took approximately 108 h (4.5 days), while the static glottis simulation with the same breathing waveform took approximately 96 h (4 days).
Results
Model validations
As shown in Fig. 2 (a)-(c), The GGMF (see Eq. (1)) was validated by comparing the glottis openings predicted in the numerical simulations with available clinical measurements [19, 20] . Good agreements can be observed between numerical results and clinical data shown in Fig. 2 (a)-(c), the validated dynamic glottis model also provides insight into the physiology of glottis motion. Specifically, the glottis expands during the first half of the inhalation and reaches its maximum width at the peak inspiratory flow rate. During the exhalation, the glottis contracts to its minimum width at the peak expiratory flow rate and expands back to its neutral position at the end of a breathing cycle. With the validations for both idealized and realistic glottis motions displayed in Fig. 2 (a)-(c), it can be concluded that the dynamic glottis model with the GGMF is accurate and can be employed to investigate the effects of subject-specific glottis motion on the transient pulmonary airflow field and the resultant particle transport and deposition in the mouth-to-trachea geometry. Fig. 3 compares the velocity magnitude contours at the vocal fold (x ¼ 0.084 m) and the sagittal plane between the IDG2.6 and SG2.6 cases. Compared with the SG2.6 case, the vocal fold abduction during the inhalation in the IDG2.6 generates more uneven velocity distributions at the glottis region, leading to a stronger jet core (see the velocity contours at the sagittal plane at t ¼ 0.65 s and t ¼ 0.8 s). In addition, the glottis adduction motion during the exhalation induces higher averaged velocity at the vocal fold (see Fig. 4 (b) and (c)), and intensifies the expiratory jet core (see the contours at t ¼ 1.6 s to t ¼ 1.95 s in Fig. 3 ) compared with the SG2.6 case. Thus, the glottis motion has noticeable impacts on the accuracy of transient airflow structure predictions and should be considered in CFPD models. Fig. 4 (a) -(c) display the areaaveraged velocity magnitude jj v ⇀ j j and pressure p at multiple crosssections along the centerlines of the mouth-to-trachea geometry starting from the mouth front (l * 1 to l * 6 in Fig. 4 (a) ) at the peak inspiration flow rate (t¼ 1=4T c ). The nondimensionalized length l * is defined as the ratio between the distance from the geometric center of the mouth front to the face center of the cross-section along curve AB shown in Fig. 4 (a) , and the total length of curve AB. As shown in Fig. 4 (b) , the jj v ⇀ j j ratio between the peak inspiration and the peak expiration are different in IDG2.6 and SG2.6, i.e., 0.83 and 1.66, respectively. Comparing the vocal areas between SG2.6 and IDG2.6 at peak inspiratory and expiratory flow rates, the ratios are 0.72 and 1.66, respectively. The higher jj v ⇀ j j in IDG2.6 than SG2.6 is mainly due to glottis opening changes. The secondary flow plays an insignificant role (see Fig. 3 at t¼ 1.95 s). However, at peak inspiratory flow rate, it can be observed that the glottis expansion leads to stronger secondary flows and enhances the jj v ⇀ j j at the vocal fold. In other words, compared with SG2.6, the stronger secondary flow and vortices generated in IDG2.6 (see Fig. 3 at t¼ 0.65 s) reduce the differences of jj v ⇀ j j between the two cases. Besides, Fig. 4 (c) indicates that the effect of glottis motion on jj v ⇀ j j is significant in the larynx. Similar to Fig. 4 (b) , the nondimensionalized area-averaged velocity
Airflow field 3.2.1. Airflow velocity and pressure
at different mouth-to-trachea locations and times were compared among RDG2, IDG2, SG2, RDG4, IDG4, and SG4 (Cases 3 to 8) and displayed in Fig. 4 (d) and (e). The numbers at the end of those case names are the total time duration for one inhalation-exhalation cycle in seconds. In Fig. 4 (d) and (e), jj v ⇀ j j � is normalized regarding jj v ⇀ j j of the mouth opening at t¼ 1=4T c . The normalized time t * is defined as t * ¼ t=T c . Similar patterns can be found in Fig. 4 Comparing secondary flows at the vocal fold during the inhalation (see Fig. 5 ), no noticeable vortex structure is formed in RDG2, IDG2, or SG2 at t ¼ 1=4T c , while apparent vortex structures are generated in RDG4, IDG4, and SG4. Although sharing the same breathing waveforms and the jj v ⇀ j j � distributions are similar, the vortex structures at the vocal folds are highly different between RDG4 and IDG4 (see the dash circles in Fig. 5 ), which indicates that simplifying the subject-specific glottis motion to the idealized sinusoidal glottis motion may cause unrealistic airflow structures and the resultant particle deposition. Specifically, only one vortex at the anterior of the vocal (Fig. 2 (c) (Fig. 2 (c) (Fig. 2 (c)) 15.3 Fig. 3 . Velocity magnitude contour comparisons between the idealized dynamic glottis (IDG2.6) model (top) and the static glottis (SG2.6) model (bottom) with the sinusoidal breathing waveform shown in Fig. 2 (a) .
fold was generated in RDG4, with another vortex at vocal fold center (see the red dash circle in Fig. 5 (d) ). Instead of one vortex, the IDG4 case generated two vortices (see the red dash circle in Fig. 5 (e) ). During the exhalation stage (t ¼ 3=4T c ), IDG4 has the highest jj v ⇀ j j � at the vocal fold because of the strongest glottis adduction compared with other cases (see contours at t ¼ 3=4T c in Fig. 5 ).
Turbulence kinetic energy (TKE) and vorticity
As shown in Figs. 6-8, both glottis abduction and adduction lead to stronger turbulence and recirculations compared with the SG cases.
Specifically, Fig. 6 (a)-(d) compare TKE and vorticity magnitude jjω ⇀ j j at the vocal fold (x¼ 0.084 m) and the sagittal plane between IDG2.6 and SG2.6 at different times. With the peak inspiratory flow rate at t ¼ 0.65 s, the glottis abduction in IDG2.6 induces higher TKE than SG2.6, with the highest TKE region located at the posterior of the vocal fold and the narrowest region at the oropharynx (see Fig. 6 (a) and (b) from t ¼ 0.3 s to 0.8 s). At t ¼ 1.95 s when the peak expiratory flow rate occurs, the glottis adduction also leads to higher TKEs at both the anterior and posterior of the glottis compared with SG2.6 (see Fig. 6 (a) and (b) ). Fig. 6 (c) and (d) show that the vorticity magnitude jjω ⇀ j j of the airflow in the oropharynx develops faster and is more evenly distributed with dynamic glottis motion compared with the static glottis. The comparisons displayed in Fig. 7 (a) and (b) also support the observations mentioned above. Specifically, Fig. 7 (a) shows the strengthened laryngeal jet core and the more skewed velocity distributions caused by the glottis motion. At the vocal fold shown in Fig. 7 (b) , the areaaveraged TKE (TKE) in IDG2.6 is six times of the TKE in SG2.6.
The temporal evolutions of TKE and jjω ⇀ j j at the vocal fold are also shown in Fig. 7 (a)-(f) . These results suggest that the glottis motion has a significant influence on the wake of turbulence during the inhalation.
Because of the high deformation ratio (d g;r ¼ 1.40) of the glottis abduction in IDG2.6, the waked turbulence has the maximum TKE at t ¼ 0.7 s, which is higher and earlier compared with SG2.6 (see Fig. 7 (a) and (b)). In contrast, the glottis adduction has no significant impact on TKE at the vocal fold. Fig. 6 (c) and (d) indicate more evenly distributed jjω ⇀ j j in IDG2.6 than SG 2.6. In addition, Fig. 7 (a) and (b) show that with the glottis expanding, jjω ⇀ j j at the vocal fold in IDG2.6 is slightly higher than that in SG2.6. However, the temporal evolution of jjω ⇀ j j at the vocal fold are similar for both cases during the inhalation (see Fig. 7 (a) and (b)). After the vocal fold reaches its maximum opening, jjω ⇀ j j in IDG2.6 starts to decrease with the glottis adduction. Interestingly, jjω ⇀ j j in SG2.6 continues increasing to its maximum value at t ¼ 0.9 s. During the exhalation, jjω ⇀ j j in IDG2.6 is much higher than that in SG2.6. Fig. 7 (b) compares the differences in TKE and jjω ⇀ j j between IDG2.6 and SG2.6 at multiple cross-sections (i.e., l * 1 to l * 6 shown in Fig. 4 (a) ) along the streamline in the mouth-to-trachea region at the peak inhalation flow rate. TKE comparisons shown in Fig. 7 (b) indicate that the glottis abduction has an impact on TKE in the upper region of the oropharynx, but the influence in the oral cavity is not apparent. The comparison of jjω ⇀ j j shown in Fig. 7 (b) reveals a similar trend. Specifically, the maximum of jjω ⇀ j j locates in the oropharynx. Furthermore, jjω ⇀ j j in IDG2.6 is lower than SG2.6 at t¼1=4T c . The possible reason is that the near-wall vorticity magnitude jjω ⇀ j j in SG2.6 is much higher than IDG2.6, which leads to higher jjω ⇀ j j. Accordingly, the glottal motion-induced changes in the airflow pattern and vorticity can influence the particle transport in the mouth-to-trachea region. Fig. 7 (c) shows the temporal evolutions of the nondimensionalized Table 4 ) are shown in Fig. 7 (e) and (f), in which jjω ⇀ j j � is defined as the ratio between the jjω ⇀ j j of a certain crosssection and the jjω ⇀ j j of the mouth front at t ¼1=4T c . Fig. 7 (e) shows that the SG assumption also overpredicts the jjω ⇀ j j � at the vocal fold compared with the DG cases during the inhalation. Besides, IDG4 has higher jjω ⇀ j j � during the exhalation compared with RDG4, which is due to the unrealistic higher constriction ratio of the vocal fold in IDG4 than RDG4 (see Fig. 2 (c) ). , d g;r is equal to zero at t ¼1=4T c , while d g;r is greater than zero in RDG2 at the same time. Such a difference demonstrates that the glottis is still expanding in RDG2 at t ¼1=4T c , which is the reason that the attenuation effect in RDG2 is stronger than IDG2. Additionally, as shown in Fig. 8 (b) , the secondary flow (see Fig. 5 Table 4 ). Specifically, the glottis abduction during the inhalation attenuates the vorticity formation in the glottis region as shown in Fig. 8 (c) , which is consistent with the observations from Fig. 7 (f) . With the glottis adduction motion during the exhalation, high jjω ⇀ j j � were formed in the oropharynx and hypopharynx. Furthermore, higher jjω ⇀ j j � can be observed in IDG4 and SG4 than RDG4 at the locations downstream to the vocal fold (see Fig. 8 (d) ). Overall, these results indicate that the glottis motion effects on the TKE distribution at the glottis region are complex and dependent on d g;r . With large d g;r , the glottis abduction enhances the turbulence fluctuation velocity significantly, while the weakening effect on the secondary flow at the glottis region is minor. On the other hand, when d g;r is low, the attenuation effects of the glottis abduction on turbulent velocity and secondary flow become dominant, compared with the simplified static glottis modeling results.
Particle dynamics
Localized particle transport and deposition patterns
To investigate the significance of the glottis motion effect on the transport and deposition of particles with different aerodynamic diameters, the transient distributions of both suspending and deposited particles are visualized in Figs. 9 and 10 . Fig. 9 shows the distributions of suspending particles in the mouthto-trachea geometry between IDG2.6 and SG2.6 at different times. Particles are colored based on their instantaneous velocities. During the inhalation stage, particles in the larynx and glottis region have higher velocity in the static glottis case (SG2.6) than the idealized dynamic glottis case (IDG2.6), which is because of the lower average airflow velocity induced by the glottis abduction (see Fig. 4 (b) ). The glottis abduction leads to a more evenly distributed 0.1-μm particle suspensions in the upper larynx at t ¼ 0.4 s than the static glottis (SG2.6). The difference is due to the larger recirculation zone formed at the anterior of epiglottis caused by the glottis abduction (see Fig. 3 ). For particles larger than 1 μm, the particle suspending distributions are similar between IDG2.6 and SG2.6 (see Fig. 9 (c)-(h) ). Furthermore, for larger particles (d p ¼ 5-10 μm), the suspending particle cloud is more concentrated (see the red circles in Fig. 9 (e)-(h) at t ¼ 0.3 s) , compared with the more scattered distributions of small particles (d p ¼ 0.1 μm) shown in Fig. 10 (a) and (b). Fig. 10 (a)-(c) show the local particle deposition patterns at the end of one inhalation-exhalation breathing cycle, colored with either the particle residence time t or normalized particle residence time t * . As shown in Fig. 10 (a) and (b) , the glottis motion incorporated in IDG2.6 results in a distinguished particle deposition pattern of submicron particles (d p ¼ 0.1 μm) in the mouth-to-trachea region compared with SG2.6. Specifically, the 0.1-μm particle deposition in IDG2.6 concentrates in the oral cavity and pharynx (see Fig. 10 (a) ), which is less evenly distributed compared with SG2.6 (see Fig. 10 (b) ). With the increase in particle size, the difference of particle deposition pattern becomes less significant between IDG2.6 and SG2.6 (see Fig. 10 (a) and (b)), indicating the weakened influence of glottis motion on particle deposition. Fig. 10 (c) compares the local depositions of 1-μm particles with different glottis motions and breathing waveforms. Specifically in RDG2 and RDG4, fewer particles deposit in the lower larynxbecause of the attenuation effect of the glottis abduction on the localized secondary flows, which leads to the reduced interception effect on particle deposition. For all cases shown in Fig. 10 (c) , the common "hot-spots" of particle depositions are (1) the oral cavity, (2) the constriction region of the epiglottis in the oropharynx, and (3) the anterior of the glottis. The high-concentration deposition at the anterior of the glottis is due to the wall contraction, as well as the enhanced recirculation and vortices in this region induced by the glottis adduction (see Fig. 5 ). Indeed, the glottis adduction and the waked secondary airflows increase the chance for the particles to deposit when penetrating the vocal fold. In conclusion, the glottis motion can affect the transport of small particles in the larynx and glottis region because of their higher vulnerability to be influenced by the secondary flows compared to larger particles. The glottis motion has less influence on larger particles due to their dominant inertia and less sensitivity to the change of the ambient airflow field.
Regional deposition fractions (RDFs)
To understand the effects of the glottis motion on the regional deposition fractions (RDFs) of inhaled therapeutic particles, the transient RDFs of SG2.6 and IDG2.6 are displayed in Fig. 11 . It can be observed that DFs of large particles reach the "plateau" faster than the small particles during the inhalation in the oral cavity and oropharynx (see Fig. 11 (a) and (b) ). Another observation from Fig. 11 (a) and (b) is that for large particles (i.e., d p ¼ 10 μm), the DFs in the oropharynx during the exhalation is higher in SG2.6 than IDG2.6. It is because the glottis adduction will restrain the diverging angle of the expiratory particle streams entering the oropharynx, increasing the distance between the particle and the airway walls, and thereby reducing the deposition. In contrast, the glottis adduction during the exhalation increases the chance for large particles to deposit on the airway wall of the glottis region compared to the static glottis case. Indeed, as shown in Fig. 11 (d) , the DFs during the exhalation in the glottis region are 0.0177% and 0.0018% in IDG2.6 and SG2.6 (d p ¼5 μm), 0.0195% and 0.0035% (d p ¼10 μm). The deposition during the exhalation is substantial for particles larger than 5.0 μm, which is demonstrated by the noticeable DF increases between 1.8 s and 2.2 s. The additional particle depositions during the exhalation are due to the mechanism that the particles suspending near the airway wall were "waken" by the sudden change of the airflow directions from inhalation to exhalation, and obtained the extra momentum to travel and touch the airway walls. As shown in Fig. 11 (a), with the particle size increasing from 0.1 to 10 μm, the DF in the oral cavity decreases first and then increases accordingly. Specifically, the DFs of 10-μm particles for both dynamic and static glottis cases (IDG2.6 and SG2.6) are both approximately 1.8%, whereas the DFs of 5-μm particles decreases drastically to 0.4% (see Fig. 11 (a) ). Additionally, the DF comparisons between IDG2.6 and SG2.6 in the oral cavity reveals that the dynamic glottis motion resulted in lower DFs except for 1-μm and 10-μm particles. Especially for 0.1-μm particles, the DF in the oral cavity at the end of the single breathing cycle of SG2.6 is almost twice as high as IDG2.6 (see Fig. 11 (a) ). The reduced regional deposition in the oral cavity is due to the weakened vortices and recirculation effects in the near-wall region induced by the glottal abduction. Indeed, higher jjω ⇀ j j is observed in IDG2.6 compared with SG2.6 (see Fig. 7 (b) ), in which case the high jjω ⇀ j j appears in the near-wall region (see Fig. 6 (d) ). This indicates that the near-wall jjω ⇀ j j in the oral cavity in IDG2.6 is relatively lower than SG2.6. Thus, higher jjω ⇀ j j in the core region in IDG2.6 enhances momentum and energy exchanges between particles and the mainstream flows, which significantly help the particles to follow the jet core and transport downstream without deposition. Meanwhile, higher near-wall jjω ⇀ j j in SG2.6 leads to higher DF compared with IDG2.6. In the oropharynx, SG2.6 overpredicts the RDF more than IDG2.6, except for 5 μm particles (see Fig. 11 (b) ). During the exhalation, a noticeable increase in deposition can be observed at t ¼ 1.6 s for 5-μm and 10-μm particles in the oropharynx compared with the negligible DF increases for smaller particles. In the upper larynx (see Fig. 11 (c) ), DFs are relatively higher than the other regions, especially for 10-μm particles. In the glottis region (see Fig. 11 (d) ), the increasing rate of the DF in IDG2.6 is higher than SG2.6 during the exhalation after t ¼ 2.2 s. As shown in Fig. 11 (e) , the DFs are much lower in the lower larynx compared with other regions. An interesting finding is that the DFs for 10-μm particles are not the highest in this region. The possible reason is that most large particles have already deposited in upper regions due to the direct impaction, while the Brownian motion effect on large particles is not significant. Therefore, large particles can follow the air mainstream and travel into the trachea and avoid striking the airway wall. The total deposition fractions (TDFs) at the end of one breathing cycle in IDG2.6 and SG2.6 are shown in Fig. 11 (f) . For particle size ranges from 0.1 to 10 μm, when comparing with IDG2.6, SG2.6 overpredicts the TDFs by 44.1%, 32.8%, 13.0%, 44.6%, 23.9% and 25.9%, respectively. Hence, for the mouth-to-trachea geometry employed in this study, the SG assumption could induce high prediction error (over 8%) in terms of the transport and deposition of 0.1 to 10-μm particles.
To further study whether the subject-specific glottis motion can be 
simplified to idealized sinusoidal glottis motion with the same T c and peak glottis openings, Fig. 12 (a) -(e) compare the transient DFs of 1.0-μm particles using different glottis motions associated with two distinguished breathing waveforms (T c ¼ 2 s and T c ¼ 4 s). It can be observed that, although using the same breathing waveforms, the idealized sinusoidal glottis motion cases (i.e., IDG2 and IDG4) are not able to provide particle deposition predictions close to the subject-specific glottis motion cases (i.e., RDG2 and RDG4). Thus, in order to predict drug delivery efficiency precisely, it is necessary to obtain subject-specific glottis motion data instead of using the simplified sinusoidal glottis motions.
Discussion
Glottis motion effect on airflow field
The same mouth-to-trachea geometry was employed by Bernate et al. [38] numerically and Banko et al. [40] experimentally, who both investigated the airflow turbulence structures. Although similar contours of normalized velocity at the coronal plane of the vocal fold can be observed between the present study and existing papers [38, 40] , the clockwise vortex formed at the anterior of the glottis [38, 40] is not found in this study (see the results of SG2.6 in Fig. 3 ). Such a difference is because the average inhalation flow rate of SG2.6 is 23.6 L/min, which is lower than other studies [38, 40] . Accordingly, a lower turbulence intensity is expected with fewer noticeable vortex structures compared with the results by Bernate et al. [38] and Banko et al. [40] . Besides, the area-averaged velocity and secondary flow intensities have also been studied in the two papers mentioned above [38, 40] at multiple cross-sections similar to those shown in Fig. 4 (a) . Their results indicate a similar trend of the area-averaged velocity shown in Fig. 4 (c) . Furthermore, comparing the laryngeal jet and the associated recirculation at the sagittal plane between the present study (see Fig. 3 ) and existing numerical studies [38, 41] , it can be concluded that the laryngeal jet structure is sensitive to throat topology. Additionally, Fig. 4 (b) and (c) demonstrate that although the glottis abduction in IDG2.6 results in lower average velocities than SG2.6, the maximum velocity of the laryngeal jet core is higher which indicates the potentially stronger inertial impaction in the larynx and more complex secondary flows in the upper trachea.
The inter-subject variability of the glottis motion, with d g;r as the key feature, has a dominant effect on the airflow patterns in the mouth-totrachea geometry. Compared with the airflow field predicted using the static glottis model, the dynamic glottis motion can either strengthen or weaken the laryngeal jet. The influence is highly dependent on the magnitudes of the glottis deformation ratio d g;r and the corresponding deformation rate. Indeed, Cases 3 to 5 (i.e., RDG2, IDG2, and SG2) have the lowest d g;r which is 1.11 (see Table 4 ), and the values are 1.20 and 1.40 for Cases 6 to 8 (i.e., RDG4, IDG4, and SG4) as well as Cases 1 and 2 (i.e., IDG2.6 and SG2.6), respectively. With low d g;r , the strength of secondary flow at the vocal fold and the laryngeal jet are weakened by the glottis abduction. In comparison, when d g;r is 1.40, the secondary flow and recirculations at the vocal fold and the laryngeal jet are strengthened by the glottis abduction. Such observations demonstrate the inter-subject variabilities of the deformation ratio d g;r can significantly influence the local airflow pattern shifts, and must be precisely modeled based on the subject-specific clinical data.
The glottis motion also influences the pressure drop in the mouth-totrachea geometry. The pressure drop in upper airways was experimentally investigated by Xi et al. [24] , by employing physical airway models with different static glottis openings. Since the configurations of the upper airway employed in their experiment is different from the mouth-to-trachea model employed in this study and the experimental tests were conducted with a constant flow rate, only qualitative comparisons were performed. The variation trend of the average pressure along the mainstream directions predicted by both IDG2.6 and SG2.6 models (see Fig. 4 (c) ) matches their experimental results [24] . As shown in Fig. 4 (c) , the pressure drops at the vocal fold at the peak inspiration flow rate are 32.7 and 31.1 Pa for IDG2.6 and SG2.6, respectively. It is interesting to notice that although the vocal fold opens wider in IDG2.6 than SG2.6, which means less minor head losses through the glottis region, the pressure drop in IDG2.6 is still higher than SG2.6. It is due to the higher momentum and energy dissipation effects induced by the higher secondary flow generated by the glottis expansion during the inhalation.
For the turbulence intensity (TI), Feng et al. [13] quantified the averaged TI at different cross-sections in seven upper airway geometries, including the mouth-to-trachea model used in this study. Relatively lower TIs were observed at the cross-sections upstream to the glottis. TI starts to increase with the airflow passes the vocal fold and reaches the maximum at the mid trachea. In this study, The TKE profiles shown in Fig. 7 (b) and (d) have similar trends. The glottis motion effect on TKE � visualized in Fig. 7 (c) is opposite to Fig. 7 (a) . Although IDG and SG predict the similar trend of TKE � profiles in Fig. 7 (c) , the difference in TKE between IDG2.6 and SG2.6 is significant during the inhalation as shown in Fig. 7 (a) . The possible reason is that the deformation ratio d g;r and its time derivative, i.e., deformation rate, for the dynamic glottis models shown in Fig. 2 (b) and (c) are smaller than the dynamic glottis model used for Fig. 2 (a) (see Table 4 ). As a result, the dynamic glottis models shown in Fig. 2 Such observations indicate that subject-specific glottis motion data need to be acquired in order to accurately capture the pulmonary airflow dynamics in the glottis region, instead of using the simplified static glottis or idealized sinusoidal dynamic glottis models.
Glottis motion effect on particle transport and deposition
Particle transport and deposition in the mouth-to-trachea region are influenced by multiple factors, such as the particle size, the breathing pattern, and the airway morphology. The particle size influences on the RDFs in lung airways have been well studied with the static glottis assumption [6, 8, [41] [42] [43] [44] [45] [46] . In detail, Koullapis et al. [41] numerically investigated the particle depositions in three different airway geometries. For particles with aerodynamic diameters from 0.5 to 10 μm, their results indicate that the DF increases with the particle size increases. For steady-state inhalation with the flow rate equal to 30 L/min, the DF of 10-μm particles ranges from 15% to 82%, which is significantly influenced by the mouth-to-trachea airway morphology. Other numerical and experimental data indicate similar deposition trends for particles larger than 0.97 μm [44, 45] . In this study, the DFs of 10-μm particles are 14.6% and 10.8% for IDG2.6 and SG2.6, respectively. Compared with the deposition data in the previous publication [41] , the differences in TDFs are because of the different airway geometries, breathing waveforms, and the glottis motion. Instead of the monotonically increasing trend between DF and d p , an U-curve relationship can be observed in Fig. 11 (f) , which is consistent with other publications [8, 46] . Specifically, Feng et al. [8] examined the DF in the upper airway model for particles from 50 nm to 5 μm and predicted higher DF for 50-nm particles than 500-nm particles in the mouth-to-trachea region. The numerical study by Longest et al. [46] also shows DF decreases when particle aerodynamic diameter increases from 1 nm to 100 nm in a mouth-to-trachea model. Based on the numerical results in this study, the glottis motion has a significant effect on the DF predictions but has a negligible influence on the trend of DF vs. d p . For IDG2.6 and SG2.6, the TDFs also show a U-curve trend versus the particle aerodynamic diameter (see Fig. 11 (f) ). The DFs at the end of the single breathing cycle demonstrate that the static glottis assumption in SG2.6 overpredicted the particle depositions than IDG 2.6 which is more physiologically realistic. However, the influence of the static glottis assumption is complex and subject-specific. Specifically, the Particle TDF is also influenced by the deformation ratio d g;r of the glottis motion. As shown in Fig. 11 (f) , the relative difference in TDF between IDG2.6 and SG2.6 for 1-μm particles is 13.0%. As shown in Fig. 12 (f) , the maximum differences in TDFs are 12.9% among Cases 3 to 5 (d g;r ¼ 1.2) and approximately 9% among Cases 6 to 8 (d g;r ¼ 1.11). Thus, it can be concluded that a larger deformation ratio leads to a higher difference in TDF predictions between using DG and SG models. Furthermore, both overpredicting and underpredicting effects were discovered when using the static glottis assumption with relative differences larger than 9% (see Fig. 11 (f) and 12 (f)). Hence, the static glottis assumption has a significant influence on the TDF prediction from the oral cavity to the trachea, but the influence is subject-specific and complex. The static glottis assumption is not accurate when predicting the delivery efficiency of inhaled therapeutic particles, especially for the glottis motions with high d g;r . To accurately evaluate pulmonary drug delivery efficiency to diseased lung sites, employing the dynamic glottis models is necessary for the accurate prediction of particle depositions in the mouth-to-trachea geometry and the resultant deposition in the tracheobronchial trees. More clinically measured glottis motions still need to be employed to study the inter-subject variability effects of the glottis motion on the deposition patterns of particles with various aerodynamic diameters.
Conclusions
A clinically optimized and validated dynamic glottis CFPD model has been developed and employed to simulate inhaled particle transport and deposition in a subject-specific mouth-to-trachea geometry. A generalized glottis motion function (GGMF) defining different types of glottis motions has been explicitly proposed and validated. Numerical results demonstrate the importance of recovering the subject-specific glottis motions to precisely predict the characteristics of pulmonary airflow and particle dynamics. Major conclusions are as follows:
� With the high deformation ratio d g;r , the glottis abduction during the inhalation enhances the strength of laryngeal jet and vortices in the mouth-to-trachea region, and the adduction during the exhalation generates stronger expiratory jet flow at the vocal fold and epiglottis, which were not able to be captured using the static glottis model. With the low deformation ratio d g;r , the glottis abduction weakens the recirculation and vortices in the larynx and glottis regions, and the glottis adduction during the exhalation results in mild expiratory jet flow compared with the static glottis model. � The glottis motion effect on the turbulence is complex and dependent on the maximum deformation ratio d g;r . High deformation ratio d g;r of dynamic glottis can increase the area-averaged turbulent kinetic energy (TKE) at the vocal fold, whereas with low deformation ratio d g;r , the attenuation effect of glottis expansion dominates. Further investigations on the relationship between the deformation ratio and the turbulence intensity near the vocal fold with more different types of subject-specific glottis motions are required. � Compared with the particle deposition data obtained using the dynamic glottis (DG) model, the static glottis (SG) assumption may introduce significant errors. The static glottis (SG) assumption in the CFPD model can significantly deviate the total deposition fraction predictions for the particles with aerodynamic diameters from 0.1 to 10 μm in the mouth-to-trachea region.
� Since employing the idealized sinusoidal glottis motions is not able to accurately predict the regional particle depositions, the subjectspecific glottis motion needs to be incorporated into the CFPD modeling framework.
Limitations and future work
Compared with the existing static glottis models, the generalized moving glottis CFPD model is more advanced and enables the in silico studies to characterize the subject variabilities of glottis motions on inhaled particle transport dynamics. However, there are some limitations of this study listed as follows, which will be addressed in future work. � The RANS model, i.e., the Transition SST model, was employed instead of the more realistic Large Eddy Simulation (LES) method. � The tracheobronchial tree and elastic lung deformation were not incorporated in the CFPD model employed in this study, and only one mouth-to-trachea geometry was employed in this study without considering inter-subject variabilities. � Only glottis motions associated with the normal breathing conditions were simulated and investigated. The glottis motions of coughing and sneezing events, which may have full closure of the vocal fold, were not considered in this study. � The cilia-driven mucus movement was not modeled explicitly in this study.
The future study will integrate the Discrete Element Method (DEM), Volume of Fluids (VOF), and Fluid-Structure Interactions (FSI) to develop an experimentally validated elastic whole-lung model and characterize the fluid dynamics and transport phenomena in the representative healthy and diseased human respiratory configurations. The next-generation virtual lung model will provide a more physiologically realistic in silico tool to optimize the personalized plan of site-specific pulmonary targeted drug delivery [13] with glottis motion and lung airway deformations.
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